Abstract: Current optical coherence tomography (OCT) technology, which is used for imaging the eye's anterior segment, has been established as a clinical gold standard for the diagnosis of corneal diseases. However, the cellular resolution level information that is critical for many clinical applications is still not available. The major technical challenges toward cellular resolution OCT imaging are the limited ranging depth and depth of focus (DOF). In this work, we present a novel ultrahigh resolution OCT system that achieves an isotropic spatial resolution of <2 µm in tissue. The proposed system could approximately double the ranging depth and extend the DOF using the dual-spectrometer design and the forward-model based digital refocusing method, respectively. We demonstrate that the novel system is capable of visualizing the full thickness of the pig cornea over the ranging depth of 3.5 mm and the border of the corneal endothelial cells 8 times Rayleigh range away from the focal plane. This technology has the potential to realize cellular resolution corneal imaging in vivo.
Introduction
Corneal disease is the second most common cause of blindness or visual impairment worldwide as corneal homeostasis can be perturbed by lots of pathological conditions [1, 2] . Corneal transplantation remains the major and most effective method for visual restoration once corneal clarity is affected [3] . It has been found that, in developed countries, up to 50% of all corneal transplantations are used to treat endothelial dystrophy [4] . Nowadays, surgical techniques have enabled surgeons to perform selective replacement of layer during transplantation to treat the endothelial decompensation, which helps to improve corneal graft survival and surgical outcomes [3] . Particularly, selective replacement of the endothelial layer, Descemet's membrane (DM) layer, and stroma layer may help to recover visual rapidly and decrease the risk of complications, compared to replacing the entire cornea. Therefore, accurate delineation of the fine posterior layers in real time and in situ carries important implications in pre-, intra-and post-operative assessment of patients requiring corneal transplantation. Also, accurate depiction of stroma, DM and endothelial layers would also assist with deep anterior lamellar keratoplasty (DALK) that is currently hindered by the technical difficulty in separating the stroma from the DM [3, 5] . In addition, accurate evaluation of the quality of endothelial cells would be of great significance in pre-and postoperative clinical treatment of patients undergoing surgery, which determines corneal graft survival in corneal transplantation [6] . Thus, efficient visualization of cellular and extracellular components in situ would provide valuable information for the assessment of eye corneas. Furthermore, a large scanning area of the cornea is necessary because it can potentially provide an improvement in the precise location of corneal lesions and planning of medical and surgical treatment [7] .
Current imaging techniques such as confocal microscopy [8, 9] and high-frequency ultrasound have limitations, such as a narrow field of view or limited resolution respectively [10] . Optical coherence tomography (OCT) [11, 12] and optical coherence microscopy (OCM) [13] have been proposed to provide high-resolution cross-sectional and en face imaging of the cornea, respectively. Current anterior segment OCT (AS-OCT) systems obtain a cross-section of the cornea with 5-20 µm axial resolution which is insufficient to delineate the DM and endothelial layers [14, 15] . Ultrahigh-resolution OCT (UHR-OCT) has enabled a significant axial resolution improvement to ~3-5 µm [16] [17] [18] , which demonstrated the ability of OCT to measure the thickness of precorneal tear film [19] , visualize anterior, stromal, posterior corneal layers [20] , and assess of keratocyte cells density [21] . Recently, Bizheva et al. developed a UHR-OCT with axial resolutions of 1µm to delineate all three layers of the posterior cornea successfully [22] . However, the lateral resolution of these systems is 5-21 µm, which is not sufficient to resolve endothelial cells. Most recently, a UHR-OCT with 0.95 × 1.8 µm (axial × lateral) (n = 1.38) resolution was reported using similar approaches published in [22] , but a different microscope objective lens with a higher power of magnification [23] . However, the depth of focus (DOF) caused by high lateral resolution makes it difficult to keep the area of interest within the DOF owing to the axial motion of the eyes. Also, the relatively small scanning area of such UHR-OCT systems hinders their application in clinical practice for large area anterior eye imaging. Therefore, the requirements of large scanning imaging area, high axial resolution and high lateral resolution with extended DOF are necessary to provide a possibility to improve diagnostics and visualization of eye corneas.
To achieve a high lateral resolution over an extended DOF, various approaches have been proposed, including Bessel beam illumination [24, 25] , adaptive optics (AO) controlled thirdorder spherical aberration [26] , and multiple aperture synthesis [27, 28] . However, the Bessel beam illumination is at the expenses of signal loss and sidelobe artifacts; the AO method is associated with high cost and system complexity; multiple aperture synthesis is timeconsuming. In addition, all the methods above require modifications of the optical system with non-standard optical components, which makes the system complex and costly. These drawbacks can be avoided by using numerical focusing methods, including interferometric synthetic aperture microscopy (ISAM) [29] , digital adaptive optics (DAO) [30] , and forward model (FM) [31, 32] . All these numerical methods are suitable for cellular resolution anterior segment imaging. In this paper, we chose FM due to its simplicity and lower computational cost. One of the other problems is the limited ranging depth with regard to the axial range of the cornea. As for an spectral domain (SD) OCT system, the maximum depth range is directly linked to the spectral sampling density or spectral resolution [33] . Given that the spot size on the detector is not a limiting factor, therefore, increasing the number of pixels of the detector can raise the ranging depth [7, 34] .
In this paper, we present a novel SD-OCT imaging system, which achieves cellular-level spatial (axial and lateral) resolutions over an extended ranging depth and depth of focus. We used a previously reported dual-spectrometer design to extend the ranging depth so that it could cover the full thickness of cornea of large animals. In order to address the issue of limited depth of focus, we employed the forward-model based digital refocusing method [31, 32] to maintain a high lateral resolution over an extended depth of focus. The endothelial cell borders even at the out-of-focus regions can be visualized thanks to this method.
Experimental setup
The output of super-luminescent diode (SLD) light source with a bandwidth of 760-930 nm (3-dB spectral range) is split by a broadband 50:50 fiber coupler (TW850R5A2, Thorlabs, Newton, New Jersey, USA) into the reference light and the sample light. The mode field diameter (MFD) of the fiber is 5.0 ± 0.5 μm (defined by the 1/e 2 field) at 850 nm. The sample arm consists of an achromatic collimation lens (L3) (AC050-015-B, Thorlabs, Newton, New Jersey, USA), a galvo scanner, an objective lens (L4) (M Plan Apo NIR 20 × , NA = 0.45, Mitutoyo, Takatsu-ku, Kawasaki, JP). The reference arm uses identical transmission optics to balance dispersion. In the detection arm, the interference light is first collimated by an achromatic lens (AC127-030-B, Thorlabs, Newton, New Jersey, USA), before it is split into two beams by spectral range (745-870 nm and 835-960 nm) using a dichroic filter (850nm, Edmund Optics, Barrington, Illinois, USA). Each of the two beams are detected by a spectrometer comprised of a grating with 1,765 lines/mm (PING-Sample-020, Ibsen Photonics, Farum, Denmark), a camera lens (85 mm, f/1.8D, Nikon, Melville, New York, USA), and a linear CCD detector (AViiVA EM4, e2V, Chelmsford, UK). The setup of the system is shown in Fig. 1 . The total number of pixels covered by the two spectra are 1837 and 1624 respectively. There is a ~35 nm overlap between the spectral ranges of two beams, which allowed us to combine their spectral interference signals coherently ( Fig. 2(b) ). We used an image acquisition board (KBN-PCE-CL4-F, Bitflow, Woburn, MA, USA) to acquire spectral interference signals from each spectrometer at 12-bit resolution. For comparison purpose, we also constructed another high-resolution SD-OCT imaging system with identical configurations except it has a single spectrometer with a transmission grating (1200l/mm@840 nm, Wasatch Photonics Inc, Logan, Utah, USA).
Coherent spectral combination and ranging depth
The spectral combination method was developed based on a method previously published by our group [35] . The previous method requires a manual search for the overlapping region in the spectral interferograms, which in our method has been improved to be fully automatic.
Firstly, we obtained 10 sets of interference fringes from both spectrometers at evenly spaced optical path differences (OPD) from 25.4 to 254 μm and subtracted the reference spectrum from them. For simplicity, the fringes obtained from the spectrometer 1 and spectrometer 2 were named fringe1 and fringe2 respectively (Fig. 2(b) ).
Secondly, we used the interference fringes at the OPD of 177.8 μm for spectral combination because it contains a large number (153) of zero crossing points while does not significantly suffer from discrete sampling errors. We obtained the pixel indices (k 1 (i) and k 2 (j)) corresponding the indices of the zero crossing points (i and j) in the fringe1 and fringe2 using linear interpolation. As there might be differences in spectral linewidth and offset for each pixel between fringe1 and fringe2, the relation between them was modelled using the following quadratic interpolation function:
Here i and j are range from 1 to N and 1 to P respectively. N and P correspond to the total numbers of the zero crossing points in fringe1 and fringe2 respectively (P < N in this work). z corresponds to the OPD. Both k 1 and k 2 are ranged from 1 to 2048.
Thirdly, in order to search for the overlapping region in both fringes, we conducted an exhaustive search for the best match between zero crossing points of each fringe. Specifically, we considered N-1 candidate regions in each of two fringes: In fringe1, the m-th (m = 1,2,…N-1) candidate region started from the pixel number of the m-th zero crossing point (α) and ended at the last zero crossing point. The corresponding m-th candidate region in fringe2 started from the pixel number of the first zero crossing point and ended at the m-th zero crossing point.
Fourthly, we fitted the pixel indices k 2 in the m-th candidate region in fringe2 with those (k 1 ) in the corresponding m-th candidate region in fringe1 using Eq. (1), in order to obtain the value of a, b, and c.
Fifthly, we fitted fringe2 using fringe1 based on the obtained quadratic interpolation function (Eq. (1)), and the result of fitting is fringe2ʼ. Then, we combined the fringe1 and fringe2ʼ for all 10 sets of the fringes and calculated the sum of the magnitude of the combined fringe, i.e., S = sum (abs (fringe1 + fringe2ʼ)). Lastly, since the correct combination could result in maximal constructive interference over the entire overlapping region for the fringes acquired at all OPDs, the sum of the magnitude of combined fringe should decrease monotonically as OPD increases. Meanwhile, those of the rest combination could fluctuate as OPD increases. Based on this criteria, we found three starting pixel number (α) 1078, 1091 and 1104 of the overlapping region in fringe1 ( Fig. 2(a) ). It turned out that at α = 1091, the two fringes was combined constructively while in the other two cases there were destructive interferences.
Therefore, the combined interference fringe covered 3161 pixels ( Fig. 2(b) ), which is about 1535 pixels more than the single spectrometer system. Theoretically, this could improve the sensitivity by 1.4 dB. After dispersion calibration using a previously reported method [36, 37] , we obtained the k-space linearized spectrum (Fig. 2(c) ). This spectrometer provided a maximum ranging depth of about 3.5 mm and a 6-dB roll-off range of about 1.44 mm (Fig. 2(d) ), which is respectively, 94% and 78% larger than the single spectrometer system.
The full-width-at-half-maximum (FWHM) axial resolution that resulted from the combined spectrum at OPD of 177.8 μm was tested to be 2.56 μm in air, which corresponds to 1.86 μm in tissue (n = 1.375 [38] ) (Fig. 3(a) ). The axial resolution is 0.11 μm better than that of the single spectrometer of 2.67 μm obtained with the same OPD, which could be caused by the change of spectral shape. The axial resolution degraded over the depth to 3.54 μm at a depth of 1.44 mm (Fig. 3(b) ). With a sample power of ~850 μW and the OPD of 177.8 μm at the working A-line rate of 20 kHz, the measured sensitivity of the dual spectrometer SD-OCT system was 100 dB, about 2.4 dB higher than that of the single spectrometer system. The actual improvement was higher than the expected (1.4 dB), which was possibly because the noise was suppressed by the coherent combination relative to the signal in the 35 nm overlap region [35, 39] .
Depth of focus (DOF) extension
According to the fiber mode field diameter (MFD) of 5.0 ± 0.5 μm, the theoretical transverse resolution (FWHM) in focus was estimated to be 1.96 μm and the corresponding DOF was 28 μm. Obviously, it is difficult to keep the area of interest within the DOF in vivo. In order to solve this limitation, we employed the forward model (FM) [31, 32] to digitally restore the lateral resolution in out-of-focus regions. For removing the defocus error, the aberrated system was corrected by multiplication with a phase-only filter, γ, in the 2-D spatial frequency domain [31, 32] . As it is difficult to maintain a phase stability sufficient for threedimensional aberration correction, in this work, the correction factor only was multiplied in each B-scans. Consequently, the correction factor used in this paper was expressed as follows: 
where z is the distance of a given layer in the image volume from the focus position, N z is the axial distance in terms of axial pixels, λ 0 is the center wavelength, Δλ is the bandwidth of the light source, n 0 is the average background refractive index of the sample and was set to be 1.4 in this work, M is a magnification factor, k x = 2πf x , f x is the coordinate in the spatial Fourier domain. As a total of 1024 lines per frame are acquired in our image acquisition process, the coordinate of the 512th A-line was set to be the origin. The extended ranging depth enabled imaging the pig cornea with full thickness ex vivo (Fig.  4(a) ), which was not possible with the single spectrometer system due to insufficient ranging depth. With the corneal endothelium in focus, we could clearly delineate the posterior layers as previously published by our group [40] , including the endothelium (yellow arrow) and the Descemet's membrane (DM, red arrows). The en face view of the endothelial layer from a 3D reconstruction of SD-OCT data was shown in Fig. 4(c) , in which endothelial cell borders as well as their hexagonal shape were clearly delineated.
Corneal imaging
When the endothelium was ~80 μm away from the focal plane ( Fig. 5(a) ), the lateral resolution degraded so that the cell borders and the hexagonal shape were not distinguishable in the en face view (Fig. 5(b) and 5(d) ). These critical cellular features were restored in the FM corrected images (Fig. 5 (c) and 5(e) ). In addition, in the cross-sectional images, FM also restored the continuities of the apical endothelial surface (Fig. 5 (f) and 5(g) ). All these improvements in cellular details and imaging quality demonstrate the DOF was extended effectively. When the endothelium layer was ~123 μm or more than 8 times Rayleigh range away from the focal plane (Fig. 6(a) ), the cellular structures in the en face view of the endothelium were totally lost (Fig. 6(b) and 6(d) ). We were still able to use FM to partially recover cell borders and the shape information (Fig. 6(c) and 6(e) ), and improve the continuities of the apical surface of the endothelium in the cross-sectional view (Fig. 6(f) and  6(g) ). We found that the magnification factor in the FM model M = 610-640 provided the best visibility of the cell border, which was determined by exhaustive search in the range from 1 to 1000. Due to the curvature of the cornea, the extended ranging depth is also required for large area scanning. For example, we can achieve a lateral field of view (FOV) 7.6 mm × 7.6 mm by replacing the objective lens with f = 50 mm (AC254-050-B-ML, Thorlabs Inc., Newton, New Jersey, USA). Over this FOV, the whole corneal depth range of 2.2 mm (n = 1.375) was captured without any mirror effect and was shown in Fig. 7 . Although the lateral resolution was not high enough to resolve cellular structures, we could still clearly delineate the endothelium in a significant part of the displayed FOV. In addition, with the same objective lens of f = 50 mm, the termination of the endothelium and Descemet's membrane (Schwalbe's line, SL) as well as angle recess (AR) area could be visualized clearly thanks to the high sensitivity and resolution of the proposed dual-spectrometer system (Fig. 8) . The application of the dual-spectrometer high-resolution SD-OCT system to the cornea imaging can potentially provide substantial information over a large area of the cornea. This information may be especially useful for disease diagnosis, precise localization of lesions, and the planning of medical and surgical treatments [41] .
Discussion and conclusion
Imaging the cellular structures of the posterior cornea particularly the endothelial cells is critical for the evaluation of the corneal grafts during corneal transplantation and diagnosis of corneal diseases. Although current anterior segment OCT has been established as a clinical gold standard, it is not capable of providing cellular information. In this study, we developed an SD-OCT imaging system and image processing methods that address the two main technical hurdles towards cellular resolution OCT corneal imaging in situ and in vivo. Specifically, we provided solutions to the limited DOF and ranging depth and validated the feasibility of our approach in intact pig eyes ex vivo. Further development of an imaging system suitable for in vivo use will significantly extend the capability of current OCT and benefit a number of clinical applications.
In addition to the corneal imaging, the proposed dual-spectrometer system has provide the possibility for imaging the angle recess area owning to the high sensitivity and resolution. Identification of Schwalbe's line (SL) may help clinicians to better assess the anterior chamber angle and then manage narrow-angle glaucoma [42] . Although the current study has approximately doubled the ranging depth to 3.5 mm, which covers the full thickness of the pig cornea over a lateral field of view 7.6 mm. However, larger ranging depth of at least 8 mm is needed to cover the whole anterior segment, especially the anterior chamber angle [43, 44] . To do so, we could use a linear camera with larger pixel number to extend the imaging range. However, currently there is no commercially available larger format camera with equivalent full well capacity and noise performance, so that the sensitivity of the imaging system might be compromised by doing so. Additionally, we could use a linear-k spectrometer design, which can improve the sensitivity roll-off by more than twice [45, 46] . Future research will focus on developing a linear-k dual-spectrometer system using 4096-pixels cameras. This spectrometer could improve the ranging depth up to 8.8 mm by extended spectral range covering 8000 pixels while keeping acceptable system sensitivity roll-off. In addition, though the ranging depth has been extended by approximately an order of magnitude, the improved DOF using the forward model method may still not be sufficient enough for in vivo use. The forward model is based on the simple geometric optics modeling to determine the defocus phase [31, 32] . Therefore, it cannot compensate for any aberration other than defocus, for example, chromatic dispersion, astigmatism, coma, and those caused by the turbidity of the tissue caused under pathological conditions. Aperture synthesis (AS) based method and digital adaptive optics method could complement the forward model in compensating these aberrations [27, 28, 30] . In addition, AS method can extend the DOF by ~10-fold and it corrects optical aberrations in the optical path difference domain without using full-field data, so that it can be combined with the FM-based method to further extend the DOF. One of the potential limitations for our system for the future study of cornea imaging in vivo would be motion artifacts. The quality of the en face images of corneal endothelium would be significantly compromised by eye motion and therefore the basolateral cellular structure could not be clearly identified. Motion artifacts will break of the phase stability condition under which the forward model is valid. The straightforward solution to the phase stability issue is to improve the imaging speed. A promising solutions is to adopt the line-field SD-OCT design which enables more than 3,500 B-scans per second [47, 48] . In addition, the motion issue may also be mitigated by alleviating the resolution requirement dependent on the clinical needs. For the purpose of evaluating the endothelial loss under the pathological conditions or after corneal transplantations, it may not be necessary to visualize individual endothelial cells so that it is possible to scan the whole cornea with shorter time. For the purpose of evaluating endothelial cell density, cell hexagonality and coefficient of variation (COV), a high lateral resolution is required. In this case, the motion artifacts have to be dealt by improving the imaging speed. Another potential limitation is the insufficient image acquisition speed which is limited to a maximum of A-line rate of 70 kHz. Therefore, improving the image acquisition speed by using a camera with higher acquisition speed may be a promising solution for motion aberration correction.
In conclusion, we developed a novel SD-OCT imaging system that addresses two standing problems in cellular resolution imaging of the cornea. We used a dual spectrometer design and the forward-model based digital refocusing method to significantly extend the ranging depth and depth of focus, respectively. The results of this study demonstrated that cellular resolution imaging of the cornea in vivo is potentially feasible.
